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and remodel. However, also this approach still faces a number of challenges. One particular problem is
regurgitation, caused by cell-mediated tissue retraction or the mismatch in geometrical and material
properties between tissue-engineered heart valves (TEHVs) and their native counterparts. The goal of the
present study was to assess the inﬂuence of valve geometry and tissue anisotropy on the deformation
proﬁle and closed conﬁguration of TEHVs. To achieve this aim, a range of ﬁnite element models
incorporating different valve shapes was developed, and the constitutive behavior of the tissue was
modeled using an established computational framework, where the degree of anisotropy was varied
between values representative of TEHVs and native valves. The results of this study suggest that valve
geometry and tissue anisotropy are both important to maximize the radial strains and thereby the
coaptation area. Additionally, the minimum degree of anisotropy that is required to obtain positive radial
strains was shown to depend on the valve shape and the pressure to which the valves are exposed.
Exposure to pulmonary diastolic pressure only yielded positive radial strains if the anisotropy was
comparable to the native situation, whereas considerably less anisotropy was required if the valves were
exposed to aortic diastolic pressure.
& 2013 Elsevier Ltd. All rights reserved.1. Introduction
Heart valve disease remains a major problem worldwide
(Takkenberg et al., 2008). Approximately 280,000 heart valve
replacements are performed each year (Pibarot and Dumesnil,
2009) and this number still increases (Dunning et al., 2011;
Takkenberg et al., 2008). Currently, diseased valves are replaced
by either mechanical or bioprosthetic valves. Both types of
prostheses signiﬁcantly enhance the quality of life, but also have
several limitations. For example, mechanical valves require life-
long anticoagulation therapy to prevent thromboembolism, and
bioprosthetic valves have a limited durability (Kidane et al., 2009;
Pibarot and Dumesnil, 2009). Most importantly, both valve sub-
stitutes are unable to grow, repair, and remodel in response to
changing demands. This represents a major problem for pediatric
patients, who need multiple surgical interventions during their life
due to valve deterioration or to accommodate somatic growth
(Ackermann et al., 2007; Lee et al., 2011).
Tissue engineering represents a promising technique to over-
come the limitations of the current valve replacements, since thisll rights reserved.
+31 40 244 7355.approach allows for creating living autologous heart valves that
have the potential to grow and remodel. Indeed, previous studies
have demonstrated the in vivo functionality of tissue-engineered
heart valves (TEHVs) in animal models (Flanagan et al., 2009;
Gottlieb et al., 2010; Hoerstrup et al., 2000; Schmidt et al., 2010).
However, also this approach faces a number of challenges. For
example, mild to severe regurgitation due to retraction of the
leaﬂets has been reported in several studies (Flanagan et al., 2009;
Gottlieb et al., 2010), which may even progress with time (Gottlieb
et al., 2010). Long-term regurgitation is unacceptable because it
will ultimately lead to ventricular failure. Therefore, leaﬂet retrac-
tion is a critical problem that needs to be solved.
TEHVs have different structural properties compared to native
valves. This may result in nonphysiological deformation patterns
in the tissue when the valve is loaded, and consequently have an
inﬂuence on both short-term and long-term valve function. In the
short term, different deformation patterns in the TEHV can alter
the closed conﬁguration of the valve and thereby lead to sub-
optimal coaptation during diastole. In the long term, as cells
remodel the extracellular matrix in response to mechanical
stimuli, nonphysiological deformation patterns may lead to altered
collagen remodeling compared to native valves. We hypothesize
that leaﬂet retraction leading to regurgitation is, at least partly,
caused by this mismatch in structural properties between TEHVs
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mimic the deformation proﬁle of native valves in TEHVs to ensure
proper valve closure and induce physiological tissue remodeling.
In this study, we investigated the inﬂuence of the structural
properties of TEHVs on the deformation proﬁle and closed con-
ﬁguration of TEHVs.
The geometry of the valve leaﬂets is one of the factors that
inﬂuences the deformation proﬁle of TEHVs. The geometry of
native valves can be described by the well-known design of
Thubrikar (1990), where the load-bearing surfaces of the leaﬂets
are approximated by nearly cylindrical shapes with a curvature in
circumferential direction. Using this design, Labrosse et al. (2006)
reported that a range of valve dimensions exist for normal aortic
heart valves that lead to proper valve function. However, it is not
known whether this geometrical range also leads to optimal
performance in TEHVs. Moreover, it remains to be questioned
whether the Thubrikar design as such provides the ideal shape for
TEHVs. In fact, it has been proposed that native leaﬂets also have a
curvature in radial direction (Anderson, 2007; Hamid et al., 1986),
which may considerably inﬂuence valve performance.
The material properties of TEHVs also affect the mechanical
behavior of the valve. Since collagen is the main load-bearing
structure in the tissue, particularly the anisotropy of the collagen
network is important for its overall function. Native aortic valves
exhibit a clear anisotropic material behavior because most
collagen ﬁbers are aligned in the circumferential direction (Billiar
and Sacks, 2000a; Martin and Sun, 2012). Consequently, extension
is limited in this direction, and the tissue will mainly extend in
radial direction when the valve is loaded (Billiar and Sacks, 2000a,
2000b; Martin and Sun, 2012). Finite element (FE) models that
incorporated this material behavior have also shown that this
anisotropic deformation proﬁle affects the stress distribution in
the tissue (Li et al., 2001; Luo et al., 2003; Sun et al., 2005), and the
opening and closing times during the cardiac cycle (Saleeb et al.,
2013). Unfortunately, TEHVs generally have a less distinct collagen
anisotropy (Mol et al., 2006), and are therefore exposed to smaller
radial strains which can even become negative (Driessen et al.,
2007). This contributes to suboptimal coaptation during the
diastolic phase, and maybe also leads to adverse tissue remodelingFig. 1. (a) Valve leaﬂet geometry deﬁned by Thubrikar (1990), (b) example of the Thub
Thubrikar design with added initial coaptation (shape T5c), (d) valve leaﬂet geometry deﬁ
(shape H5c) and (f) example of the Hamid design where the initial coaptation area hasin the long term. Clearly, this insufﬁcient anisotropy of the
collagen network should be improved to enhance the performance
of TEHVs. However, it is not clear how much anisotropy is needed
to ensure proper valve closure.
In the present study, a computational model that describes the
mechanical behavior of cardiovascular tissues (Driessen et al.,
2007) was applied to a range of valve shapes to determine the
inﬂuence of anisotropy on the radial stretch in the valve and the
coaptation area for different geometries. In particular, the follow-
ing questions were addressed: (1) How much anisotropy is needed
to prevent negative radial strains? (2) Does the geometry of the
TEHV have an inﬂuence on this minimum amount of anisotropy?
(3) Is this minimum amount of anisotropy different for valves
subjected to pulmonary or aortic diastolic pressure?2. Methods
2.1. Valve geometry
The scaffolds used to culture TEHVs in the host lab have previously been
created according to the design of Thubrikar (1990) without any initial coaptation.
This geometry is described by ﬁve parameters: Rb, Rc, H, Hs, and β (Fig. 1a).
Previously, valves with a diameter of 27 mm were created using the following
parameters: Rb¼Rc¼13.5 mm, H¼19.15 mm, Hs¼3.15 mm, and β¼ 01. In the
present study, the commissural height Hs and the angle β of the open leaﬂet with
the vertical direction were varied to assess the inﬂuence of geometrical variations
in the Thubrikar design for valves with the same diameter and overall height (see
Table 1, shapes T1–T9, and Fig. 1b).
In addition, the Thubrikar design was compared with the Hamid design, which
incorporates the leaﬂet curvature in both circumferential and radial direction
(Fig. 1d). In this case, the initial leaﬂet geometry is described by one half of an
elliptic paraboloid (Hamid et al., 1986):
x2
a2
þ y
2
b2
−z¼ 0 ð1Þ
where parameters a and b determine the curvature in circumferential and radial
direction, respectively. This initial geometry was rotated by an angle of
tan −1ðR=ð2HÞÞ (Fig. 1d), with R the radius of the valve and H the height of the
leaﬂet. Subsequently, points on this surface that cross the planes that separate the
leaﬂet from the other two (y¼ tan ð301Þ∥x∥) were mapped onto these planes to
obtain the initial coaptation surface (Hamid et al., 1986). Finally, parts of the leaﬂet
where
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
x2 þ y2
p
4R were removed. Both the radius and height of the valve wererikar design without initial coaptation (shape T5, see Table 1), (c) example of the
ned by Hamid et al. (1986), (e) example of the Hamid design with initial coaptation
been removed (shape H5).
Table 1
Geometries that were deﬁned using the designs of Thubrikar (1990) and Hamid
et al. (1986).
Design Thubrikar (1990) Design Hamid et al. (1986)
Shape Hs (mm) β (1) Coaptation Shape a (mm) b (mm) Coaptation
T1 2.65 0 No H1 3.1 1.7 No
T2 2.65 2 No H2 3.1 2.0 No
T3 2.65 4 No H3 3.1 2.3 No
T4 3.15 0 No H4 3.4 1.7 No
T5 3.15 2 No H5 3.4 2.0 No
T6 3.15 4 No H6 3.4 2.3 No
T7 3.65 0 No H7 3.7 1.7 No
T8 3.65 2 No H8 3.7 2.0 No
T9 3.65 4 No H9 3.7 2.3 No
T1c 2.65 0 Yes H1c 3.1 1.7 Yes
T2c 2.65 2 Yes H2c 3.1 2.0 Yes
T3c 2.65 4 Yes H3c 3.1 2.3 Yes
T4c 3.15 0 Yes H4c 3.4 1.7 Yes
T5c 3.15 2 Yes H5c 3.4 2.0 Yes
T6c 3.15 4 Yes H6c 3.4 2.3 Yes
T7c 3.65 0 Yes H7c 3.7 1.7 Yes
T8c 3.65 2 Yes H8c 3.7 2.0 Yes
T9c 3.65 4 Yes H9c 3.7 2.3 Yes
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b were varied to assess the inﬂuence of geometrical variations for this design as
well (see Table 1, shapes H1c–H9c, and Fig. 1e).
To determine the inﬂuence of the initial coaptation surface, valves were created
according to the Hamid design where the coaptation surface was removed (see
Table 1, shapes H1–H9, and Fig. 1f), as well as according to the Thubrikar design
where an initial coaptation surface was added (see Table 1, shapes T1c–T9c, and
Fig. 1c).
Each leaﬂet shape was created with a thickness of 0.5 mm in Abaqus 6.10
(Simulia, Providence, RI). Due to symmetry, only half of the leaﬂet was modeled
and divided into 400–600 elements (type C3D20R), depending on the geometry.
The main ﬁber direction in the FE models was assumed to be circumferential, since
the known circumferential alignment of the collagen ﬁbers of native heart valves
has also been reported for TEHVs (Cox et al., 2010). For every element, the radial
direction was deﬁned as the vector perpendicular to the outer normal of the
element n! and a unit vector in x-direction e!x : v!2 ¼ ð e!x  n!Þ=∥ e!x  n!∥.
Subsequently, the circumferential direction was calculated as v!1 ¼ n! v!2
(Fig. 2).
2.2. Material model
The material model was largely based on the model of Driessen et al. (2007),
and implemented in Abaqus using the user-deﬁned subroutine UMAT. The
engineered tissue was modeled as a ﬁber-reinforced material, composed of an
anisotropic ﬁber part (f) with volume fraction ϕf and an isotropic matrix part (m)
with volume fraction (1−ϕf Þ:
r¼ rm þ rf ð2Þ
The isotropic part, describing the contribution of the cells and all extracellular
matrix components except collagen, was modeled as a Neo-Hookean material:
rm ¼ ð1−ϕf Þ κ
lnðJÞ
J
I þ G
J
ðB−J2=3IÞ
 
ð3Þ
with F the deformation gradient tensor, J ¼ detðFÞ, B¼ F  FT , and G and κ the shear
and compression modulus, respectively. The anisotropic ﬁber part, describing the
contribution of the collagen network to the total Cauchy stress, was modeled using
a discrete number of ﬁber directions (Driessen et al., 2007):
rf ¼ ∑
N
i ¼ 1
τif ð4Þ
The stress in each ﬁber direction e!if is given by
τif ¼ φif sif e
!i
f e
!i
f ð5Þ
where φif is the ﬁber volume fraction in each direction, and s
i
f is the magnitude of
the ﬁber stress depending on the ﬁber stretch λf :
sf ¼
k1λ2f ðek2 ðλ
2
f −1Þ−1Þ; λf≥1
0; λfo1
where λf ¼
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
e!f0  FT  F  e!f0
q8<
: ð6Þwith k1 and k2 material parameters, and e
!
f0 the ﬁber direction in the undeformed
conﬁguration, which was positioned in the plane spanned by vectors v!1 and v!2:
e!f0 ¼ cos ðγÞ v!1 þ sin ðγÞ v!2 ð7Þ
where γ is the angle between e!f0 and v!1. The ﬁber volume fraction in each
direction was described using a Gaussian distribution function:
φif ¼ A exp
−ðγ−μÞ2
2s2
 !
with A¼ ϕf
∑Ni ¼ 1 exp
−ðγ−μÞ2
2s2
 ! ð8Þ
where μ is the main ﬁber angle with respect to v!1 and s is the standard deviation
of the ﬁber distribution. The scaling factor A is deﬁned such that the total ﬁber
content equals ϕf .
2.3. Material parameters
Similar to Driessen et al. (2007), the total ﬁber volume fraction ϕf was set to
0.5, and the shear modulus of the matrix G was equal to 50 kPa. The isotropic
matrix was considered nearly incompressible (ν¼ 0:498), and the compression
modulus κ was equal to 2Gð1þ νÞ=ð3ð1−2νÞÞ. For the collagen ﬁbers, the parameters
for engineered tissue after four weeks culturing with human vena saphena cells
were used (Driessen et al., 2007). The stiffness parameters were equal to
k1¼1689 kPa and k2¼1.93, the standard deviation of the ﬁber angle s was initially
set at 63.61, and it was assumed that the main ﬁber orientation was circumferential
(μ¼ 01). An angular resolution of 31 was used to model the collagen distribution,
and the effect of tissue anisotropy was investigated by varying s between 63.61 and
10.71, where the latter standard deviation is comparable to the distribution
observed in native valves (Driessen et al., 2007).2.4. Boundary conditions
Since only one half of the leaﬂet was used for the FE models, normal
displacements at the symmetry edge were suppressed (Fig. 2c). Furthermore, all
the displacements at the lower boundary of the ﬁxed edge were suppressed to
simulate the connection of the valve with the stent, and a contact surface
(y¼ tan ð301Þx) was added to model the contact between the different leaﬂets.
Since all three leaﬂets were assumed to deform similarly, there cannot be any slip
between adjacent leaﬂets. Consequently, the friction coefﬁcient between the leaﬂet
and the contact surface was set to 0. Finally, a pressure was applied to the top
surface to simulate diastolic loading at both pulmonary (p¼2 kPa) and aortic
(p¼12 kPa) conditions.3. Results
The largest radial stretches in the designs of Thubrikar (1990)
and Hamid et al. (1986) were obtained with shapes T2c and H2c,
respectively. Therefore, the results with these geometries and the
corresponding shapes without initial coaptation (T2 and H2) are
presented in Figs. 3–5.
Fig. 3 shows the distribution of the stretch in radial direction
( v!2) for the valves with different degrees of anisotropy when
these were subjected to a pressure of 2 kPa. Clearly, a collagen
distribution with s¼ 63:61 resulted in compression of the valve in
radial direction (λv2o1) for all geometries, in particular for the
valves without an initial coaptation surface (Fig. 3a,c). A decrease
in s towards native values resulted in an increase in radial stretch
for all valves. In the Hamid design with coaptation (Fig. 3d),
extension (λv241) of the tissue in radial direction was observed
in large parts of the valve, whereas for all other designs the valves
were still in compression.
Unfortunately, when the pressure was increased to 12 kPa,
several simulations with the Thubrikar and Hamid design without
initial coaptation did not converge due to buckling, particularly the
ones incorporating a high degree of anisotropy (s¼ 10:71). For the
simulations that did converge, a decrease in radial stretch was
observed (Fig. 4a,c) for both s¼ 63:61 and s¼ 201. For valves with
initial coaptation, also compressive stretches were present when
s¼ 63:61 (Fig. 4b,d). However, an increased level of anisotropy
resulted in a clear increase in radial stretch, which was most
Fig. 2. (a) Main (circumferential) ﬁber direction v!1 in shape H5c (see Table 1 for the geometrical parameters), (b) radial direction v!2 in shape H5c and (c) position of the
contact surface and the edges where boundary conditions were applied.
Fig. 3. Distribution of the radial stretch in shape T2 (a), T2c (b), H2 (c), and H2c (d) at pulmonary pressure (2 kPa) with different degrees of anisotropy. (See Table 1 for the
geometrical parameters of each shape.)
Fig. 4. Distribution of the radial stretch in shape T2 (a), T2c (b), H2 (c), and H2c (d) at aortic pressure (12 kPa) with different degrees of anisotropy. (See Table 1 for the
geometrical parameters of each shape.)
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results indicate that the anisotropy of the collagen network has a
clear inﬂuence on the radial stretches in the valve, and thatdesigns that incorporate an initial coaptation surface lead to
higher radial stretches, particularly when the valves are subjected
to aortic pressure conditions.
Fig. 5. Stress–stretch curves in circumferential (dashed lines, ﬁlled symbols) and radial (solid lines, open symbols) direction for a node in the middle of the belly in shapes T2
and T2c at p¼2 kPa (a) and 12 kPa (b), and shapes H2 and H2c at p¼2 kPa (c) and 12 kPa (d). (See Table 1 for the geometrical parameters of each shape.)
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and radial direction in the middle of the belly. Results for the
Thubrikar design without coaptation at pulmonary pressure show
that the circumferential stretch (1.02–1.04) was considerably
larger than the radial stretch (0.94–0.97), and that the stress in
radial direction was negative (−2.52 to −1.97 kPa) (Fig. 5a). Increas-
ing the degree of anisotropy towards native values appeared not to
be sufﬁcient to change this pattern. The addition of an initial
coaptation surface resulted in positive radial stresses (−0.12 to
4.16 kPa) and a clear increase in radial stretch (0.98–0.99), while
the circumferential stresses and stretches were hardly affected
(1.02–1.03). At aortic pressure, the circumferential stretches (1.07–
1.12) remained larger than the radial stretches (0.88–1.04) for the
Thubrikar valves with and without coaptation (Fig. 5b). However,
positive radial strains (λv241) were present at s¼ 10:71 if the
initial coaptation surface was included. The Hamid design without
coaptation showed similar stress–stretch curves at pulmonary
pressure as the Thubrikar design when s¼ 63:61 (ﬁnal circumfer-
ential stretches of 1.01–1.03 and radial stretches of 0.95–0.98)
(Fig. 5c). However, including a coaptation surface and decreasing s
towards native values was sufﬁcient for this design to obtain
positive radial strains (λv2 ¼ 1:01). At aortic pressure, the radial
stretch in this case increased further (1.13) and even exceeded the
circumferential stretch (1.06) (Fig. 5d), which is more representa-
tive of the native situation (Billiar and Sacks, 2000a, 2000b; Martin
and Sun, 2012).
The ﬁnal radial stretch in the middle of the belly for all
geometries is shown in Fig. 6. In general, the differences in results
when the geometrical parameters of the Thubrikar and Hamid
design were varied appeared to be relatively small compared to
the differences between the results of the different designs.At pulmonary pressure, positive radial strains could only be
obtained with the Hamid design including an initial coaptation
surface in 7 out of 9 valves when the anisotropy of the collagen
network was comparable to the native situation (with λv2 ranging
between 1.00–1.01 at s¼ 10:71) (Fig. 6d). At aortic pressure, radial
stretches were considerably larger with this design, resulting in
positive radial strains at s≤301 for 6 out of 9 valves (with λv2
ranging between 1.07–1.13 at s¼ 10:71 for all shapes; 1.02–1.04 at
s¼ 201 for all shapes; 1.00–1.01 at s¼ 301 for 6 out of 9 shapes)
(Fig. 6h). For the Thubrikar design with initial coaptation, positive
radial strains were also present for 7 out of 9 valves at aortic
pressure (with λv2 ranging between 1.01–1.04), but only if s¼ 10:71
(Fig. 6f).
The total coaptation area of each valve during pressure applica-
tion is shown in Fig. 7. Obviously, including an initial coaptation
surface resulted in a larger coaptation area compared to the designs
without initial coaptation, and the total coaptation area was mainly
governed by the size of the initial coaptation surface. Nevertheless,
also the degree of anisotropy had a clear effect. Particularly for the
Hamid design with initial coaptation, the coaptation area at aortic
pressure clearly increased when s was decreased (37–66 mm2 at
s¼ 63:61 to 49–83 mm2 at s¼ 10:71) (Fig. 7h).4. Discussion
Proper valve closure remains a challenge for heart valve tissue
engineering, as regurgitation has been reported in several studies
(Flanagan et al., 2009; Gottlieb et al., 2010). Regurgitation is
mainly caused by cell-mediated retraction (Dijkman et al., 2012;
Van Vlimmeren et al., 2011, 2012), and to ensure proper closure,
Fig. 6. Radial stretch in the middle of the belly at pulmonary (a–d) and aortic (e–h) pressure for the Thubrikar design without initial coaptation (a,e), the Thubrikar design
with initial coaptation (b, f), the Hamid design without initial coaptation (c, g), and the Hamid design with initial coaptation (d, h). Unfortunately, several simulations with
the Thubrikar and Hamid design without initial coaptation did not converge at 12 kPa, which are indicated by the empty spots. (See Table 1 for the geometrical parameters of
each shape.)
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pressure applied to the valve during diastole. In native valves, the
diastolic pressure applied to the valve indeed causes an extension
of the tissue in primarily the radial direction (Billiar and Sacks,
2000a, 2000b; Martin and Sun, 2012). In TEHVs, however, thetissue primarily extends in circumferential direction and radial
strains can even become negative (Driessen et al., 2007). This
difference in deformation proﬁle between TEHVs and native valves
is caused by differences in structural properties, and can thus have
a major direct effect on valve closure. In addition, as cells remodel
Fig. 7. Total coaptation area of half the leaﬂet at pulmonary (a–d) and aortic (e–h) pressure for the Thubrikar design without initial coaptation (a, e), the Thubrikar design with initial
coaptation (b, f), the Hamid design without initial coaptation (c, g), and the Hamid design with initial coaptation (d, h). Unfortunately, several simulations with the Thubrikar and
Hamid design without initial coaptation did not converge at 12 kPa, which are indicated by the empty spots. (See Table 1 for the geometrical parameters of each shape.)
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different structural properties of TEHVs can inﬂuence tissue
remodeling and thereby the ultimate tissue architecture on the
long term as well.In the present study, the importance of valve geometry and
tissue anisotropy for the deformation proﬁle and closed conﬁg-
uration of TEHVs was investigated. For this, a range of FE models
was created using valve designs proposed by Thubrikar (1990) and
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modeled using the computational framework developed by
Driessen et al. (2007), where the degree of anisotropy of the
collagen network was varied between values representative of
TEHVs (s¼ 63:61) and native valves (s¼ 10:71). The model of
Driessen et al. (2007) describes cardiovascular tissues as a mixture
of an isotropic part, including cells and all matrix constituents
except collagen, and a ﬁbrous part that describes the contribution
of the collagen network to the mechanical behavior of the
tissue. The collagen network is described as an angular distribu-
tion of collagen ﬁbers. In other studies, the tissue has also been
approximated as an orthotropic material (Burriesci et al., 1999; Li
et al., 2001; Saleeb et al., 2013). However, using a distribution of
ﬁber directions is more realistic as the rotation of ﬁbers and
thereby the complex interaction between the circumferential and
radial direction is accounted for (Billiar and Sacks, 2000a, 2000b).
In the present study, the effects of geometry and anisotropy
were investigated using a single set of parameter values. Although
this might be considered a limitation, these values were ﬁtted to
experimental data (Driessen et al., 2007) and therefore give
the best representation of the mechanical properties of TEHVs.
Furthermore, although the results may vary to some extent
when the parameter values are changed, the qualitative
differences between the different simulations will probably
still hold.
Interestingly, although the radial stretch varied considerably
among the different valve shapes and degrees of anisotropy, valve
closure was observed in all the FE models. This is considered to be
a shortcoming of the model of Driessen et al. (2007). Cells actively
pull on and reorganize the extracellular matrix, which results in
compaction and retraction of the tissue (Dijkman et al., 2012; Mol
et al., 2005; Neidert and Tranquillo, 2006; Shi and Vesely, 2003).
Consequently, the initial shapes of TEHVs are not the stress-free
conﬁgurations anymore after four weeks culturing, and separation
of the leaﬂets at the end of the culture period leads to leaﬂet
retraction. The fact that valve closure (although minimal in some
cases) was achieved in all cases is therefore mainly due to the fact
that cell traction and the change in reference conﬁguration were
not accounted for in the present model. Including these factors in
the model in future studies is thus essential to unravel the
mechanisms responsible for retraction in TEHVs.
The results of this study showed that valve geometry indeed has
an inﬂuence on the deformation proﬁle and closed conﬁguration of
TEHVs. In general, larger radial stretches were obtained with the
design of Hamid et al. (1986) than with the design of Thubrikar
(1990), and valve shapes incorporating an initial coaptation surface
also resulted in larger radial stretches and obviously also larger
coaptation areas. The Hamid design mainly differed from the
Thubrikar design by having a leaﬂet curvature in both the circumfer-
ential and radial direction and a larger commissural height. These
factors may therefore be important to ensure proper valve function.
Nevertheless, the anisotropy of the collagen network appeared to be
important as well, as was also suggested in previous studies (Li et al.,
2001; Luo et al., 2003; Saleeb et al., 2013). An increase in anisotropy
resulted in larger radial strains and also larger coaptation areas
during loading. Using the properties and degree of anisotropy that
were determined for TEHVs after four weeks culturing (Driessen
et al., 2007), positive radial strains could not be obtained with any of
the valve shapes. At pulmonary pressure, positive strains were only
present for the Hamid design with initial coaptation if the anisotropy
of the collagen network was comparable to the native situation
(s¼ 10:71). At aortic pressure, the constraints were a little bit less,
since the anisotropic behavior of the tissue becomes more pro-
nounced at higher pressures. In this case, positive radial strains could
already be obtained at s¼ 301 if the Hamid design with coaptation
was applied.The radial strains in all simulations were signiﬁcantly smaller
than those typically reported for native valves. This is not a
limitation of the chosen valve designs, but mainly due to the
material properties of TEHVs. Indeed, Driessen et al. (2007)
demonstrated that valves with TEHV properties were exposed to
small negative radial strains, whereas more than 60% radial
extension was observed when native tissue properties were
assigned to the same geometry.
In summary, the results of the present study suggest that valve
geometry and tissue anisotropy are both important factors to
increase the radial stretch of TEHVs. Increasing the radial stretch
is important because it will improve the closed conﬁguration of
the valve and more closely mimics the physiological deformation
proﬁle of native valves. Consequently, valves created with scaffolds
according to the design of Hamid et al. (1986) may yield better
TEHVs than valves created according to the design of Thubrikar
(1990). Furthermore, the addition of an initial coaptation surface
obviously increases the total coaptation area during loading, and it
may also lead to larger radial stretches. In addition, the anisotropy
of the tissue appeared to be crucial to increase the radial stretch.
This ﬁnding is consistent with the results of a recent study by Fan
et al. (2013), where the maximum principal strain directions were
observed to change from the circumferential to the radial direction
when an anisotropic scaffold was modeled instead of an isotropic
scaffold. Therefore, using an anisotropic scaffold to create TEHVs
can further help to improve the deformation proﬁle and thereby
the closed conﬁguration of the valve (Amoroso et al., 2011;
Argento et al., 2012), and may also guide the cells to produce a
more anisotropic collagen network. Finally, if the tissue is strong
enough to withstand the aortic pressure, then exposing TEHVs to
this high pressure instead of the lower pulmonary pressure can
improve the functionality of TEHVs even further.Conﬂict of interest statement
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